Abstract Diagnosis of vascular disease and selection and planning of therapy are to a large extent based on the geometry of the diseased vessel. Treatment of a particular vascular disease is usually considered if the geometrical parameter that characterizes the severity of the disease, e.g. % vessel narrowing, exceeds a threshold. The thresholds that are used in clinical practice are based on epidemiological knowledge, which has been obtained by clinical studies including large numbers of patients. They may apply ''on average'', but they can be sub-optimal for individual patients. To realize more patient-specific treatment decision criteria, more detailed knowledge may be required about the vascular hemodynamics, i.e. the blood flow and pressure in the diseased vessel and the biomechanical reaction of the vessel wall to this flow and pressure. Over the last decade, a substantial number of publications have appeared on hemodynamic modeling. Some studies have provided first evidence that this modeling may indeed be used to support therapeutic decisions. The goal of the research reported in this paper is to go one step further, namely to investigate the feasibility of a patient-specific hemodynamic modeling methodology that is not only effective (improves therapeutic decisions), but that is also efficient (easy to use, fast, as much as possible automatic) and robust (insensitive to variation in the quality of the input data, same outcome for different users). A review is presented of our research performed during the last 5 years and the results that were achieved. This research focused on the risk assessment for one particular disease, namely abdominal aortic aneurysm, a life-threatening dilatation of the abdominal aorta.
Introduction
Diagnosis of vascular disease and selection and planning of therapy are to a large extent based on the geometry of the diseased vessel. For example, a stenosis (narrowing) of a blood vessel is usually quantified by relating the lumen (blood) diameter or cross-sectional area at the location of the stenosis to the lumen diameter/area at a reference location without stenosis [1] . Similarly, a vascular aneurysm (dilatation) is characterized primarily by its diameter [37] . Treatment of a particular vascular disease is usually considered if the geometrical parameter that characterizes the severity of the disease exceeds a threshold. For example, patients with coronary-artery stenosis become eligible for treatment if the percentage stenosis exceeds 50% [41] . Similarly, surgical repair of an abdominal aorta aneurysm (AAA), a life-threatening dilatation of the abdominal aorta, is usually performed if its diameter exceeds 55 mm [14, 25] .
The thresholds that are used to decide whether or not an AAA should be treated are based on epidemiological knowledge, which has been obtained by clinical studies including large numbers of patients [38] . They may apply ''on average'', but they can be sub-optimal for individual patients. An AAA is usually not treated if its diameter is less than 55 mm. However, about 15% of the AAA patients experience rupture before the diameter reaches 55 mm [25] . Also, a significant percentage of AAA patients that cannot be treated experience growth to diameters as large as 80 mm, without any rupture. Several studies have confirmed that the AAA diameter is not reliable as patientspecific rupture-risk criterion [8, 22, 47] .
To realize patient-specific treatment criteria, more detailed knowledge may be required about the dynamic blood flow (velocity) and pressure in the diseased vessel and about the biomechanical reaction of the vessel wall to this flow and pressure. With existing technology, these quantities cannot be accurately measured at every location in the vessel. Estimation of these quantities may however be possible thanks to recent advances in the field of medical imaging [13] , image processing [52] and hemodynamic modeling [26] .
Several recent studies have provided first evidence that knowledge of hemodynamic parameters, especially of the vessel-wall stress, may indeed be valuable to enhance therapeutic decisions [10, 11, 33, 45, 46] . For example, in [10] the difference in peak wall stress between patients with electively repaired AAAs and patients with symptomatic or ruptured AAAs was studied. It was found that peak wall stresses were significantly higher for the latter group. In [45] it was concluded that the AAA wall stress at maximum systolic blood pressure is significantly higher for ruptured than for asymptomatic aneurysms.
The goal of the research reported in this paper is to investigate the feasibility of a patient-specific hemodynamic modeling methodology that is not only effective (improves therapeutic decisions), but that is also efficient (easy to use, fast, as much as possible automatic) and robust (insensitive to variation in the quality of the input data, same outcome for different users). We review our recent investigations into automated patient-specific AAA rupture-risk prediction on the basis of hemodynamic modeling and we summarize our results. Figure 1 depicts the steps involved in patient-specific hemodynamic modeling of AAA.
Methods

The hemodynamic modeling chain
The first step is the imaging of the diseased vessel. Three-dimensional (3D) imaging is required, since the flow and wall-stress modeling require information about the 3D geometry of the vessel. This can currently be performed with computed tomography (CT) and magnetic resonance (MR) imaging. Furthermore, the blood flow velocity that is needed as boundary condition for the flow modeling (at the inlet of the vessel) can be obtained with Quantitative MR Flow imaging (Qflow).
The next step is the derivation of the patient-specific geometry of the various components of the diseased vessel. These components may include the lumen (blood), wall, thrombus (blood clotted against the wall) and calcifications located inside the wall. The automatic derivation of the geometry of these vessel components is henceforth referred to as segmentation.
Hemodynamic modeling is usually performed by means of computer simulation on powerful computers, using finite-element or finite-volume calculation techniques. These techniques require a 3D discretisation (volume meshing) of the vessel geometry as input.
The raw output of the computer simulations consists of approximations of the physical unknowns (flow velocity, pressure) in every volume mesh node. Intuitive yet comprehensive visualization of this abundance of data is essential for clinical interpretation.
Imaging
In patients with diagnosed AAA, the diameter of abdominal aorta aneurysms is usually monitored once or twice a year with 2D ultrasound (US) imaging. Prior to surgical repair, 3D contrast-enhanced CT angiography (CTA) is conventionally used to assess the AAA geometry and to plan the most appropriate repair procedure. In this paper, we report on the application of conventional non-cardiac-triggered 3D contrast-enhanced CTA as well as innovative cardiac-triggered 2D and 3D magnetic resonance imaging (MRI) without breath holding [5] .
The use of MRI for AAA imaging is relatively new. A major advantage of MRI compared with CTA is the lack of harmful radiation. An important additional advantage is its enormous flexibility. By adapting scanner settings, different aspects of the vessel can be dynamically visualized, such as lumen, thrombus, wall or blood flow. Table 1 lists the particular settings (often called pulse sequences) applied in our investigations together with their primary aim. It should be noted that no contrast agents are required for any of these sequences. Disadvantages of the use of our MRI pulse sequences are the somewhat lower imaging resolution than CTA, the significantly longer scanning time and the inability to accurately visualize calcifications in the vessel wall.
A total of 30 AAA patients were scanned at the Catharina Hospital Eindhoven with CTA and MRI. Figure 2 shows examples of acquired images for one of the patients.
Segmentation
Manual delineation of the AAA geometry in 3D CT and MR images is a very tedious, time-consuming activity that leads to great variability in the geometry created by different users [10, 15, 46] . As a consequence, also the simulated flow and wall-stress values may vary greatly. For, example in [15] an inter-user variation was found of over 100% between the lowest and highest stress value for the same patient (manual segmentation of CTA image data). Automation of the contour delineation may help to reduce user-induced stress variability [33, 45] .
As can be seen in Fig. 2 , neither CTA nor MRI can clearly discriminate the AAA wall from thrombus. Our segmentation research has therefore focused on finding the lumen-thrombus boundary and on finding the location of the outer wall. An almost-automatic segmentation technique has been developed that consists of the following steps (Fig. 3) .
The first step is the semi-automatic tracking of the lumen centerline (Fig. 3a) . The user manually specifies a start point inside the lumen, just below the renal arteries and two end points a few cm below the bifurcation in each of the legs (for CTA). The resolution of MRI does not yet allow accurate segmentation of the bifurcation, therefore only one end point is specified just above the bifurcation. Automatic vessel tracking [50] is used to automatically find the centerline from start to end point(s). For CTA, the two tracked centerlines are merged into one if their distance is closer than a user-selectable threshold (few mm).
The next step is the automatic lumen segmentation. A tube-like initial 3D active object (3DAO), a simplex-meshbased deformable model [12] , is created around the detected centerline (Fig. 3b) . This 3DAO is automatically deformed towards the lumen-thrombus boundary or to the lumen-inner wall boundary if thrombus is absent (Fig. 3c) . A so-called ''external force'' derived from image features drives the 3DAO towards the desired boundary, whereas an ''internal force'' depending on the 3DAO surface curvature Fig. 1 The patient-specific hemodynamic modeling chain and mesh vertices distribution ensures the smoothness and regularity of the 3DAO [12, 23] . For CTA, the image intensity itself is used as feature; the deformation is terminated at the transition from the expected lumen intensity (Hounsfield value) to the expected thrombus or wall intensity [23] . For MRI, first an edge feature image is created and the deformation is terminated at the position of the lumen-thrombus or lumen-inner wall edge [28] . The final step is the segmentation of the AAA outer wall by deforming the earlier segmented lumen 3DAO towards the AAA outer wall boundary (Fig. 3d ). For CTA, this is performed with a technique reported in [23] . Basically, intensity profiles are sampled along the lumen 3DAO surface normal and these profiles are classified using k-nearest neighbor classification, where the possible classes were derived in a training phase from a set of representative intensity profiles. The external force is then derived from the profile classification. For MRI, the outer wall segmentation is performed using the dark intensity ring that is present in the 2D SSFP image around the AAA as image feature. The external force attracts the 3DAO towards this dark ring [28] .
The segmentation of the Qflow MR images is performed with a technique similar to that used in the Philips ViewForum Cardiac MR Analysis software product [4] . The Qflow MR amplitude images are used to semi-automatically detect the lumen boundary (Fig. 4 , top row). The user only has to manually specify one lumen contour in the image that was acquired at the end-diastolic phase (time moment); this contour is then automatically propagated to all other phases in the cardiac cycle. The blood flow velocity profile, i.e. the velocity as a function of the position inside the segmented lumen contour and as function of the time in the cardiac cycle, is then measured from the Qflow MR phase-contrast (velocity) images (Fig. 4, bottom row) .
The flow velocity profile that was measured by MRI is used as inflow boundary condition for the AAA blood flow simulations, both for 3D CTA and MRI. Rigid image registration between CTA and 3D SSFP MRI images is used to relate the CTA and MRI scanning geometries (Fig. 5 ) [17] . It has been assumed that the 3D SSFP and Qflow MR images are well aligned, since they are recorded during the same MRI examination. The derived rigid image transformation can then be used to map the lumen contour and the measured flow to the location of the lumen in the CTA images. Manual correction of the lumen contour is possible if the alignment is imperfect.
Volume meshing
Two volume-meshing approaches have been implemented: hexahedral meshing by deformation of a standard mesh [51] and Delauney tetrahedral meshing [29] . Hexahedral meshes are particularly suited for finite-element/volume calculations, but they are less suited for accurately representing complex highly curved geometries. Furthermore, deformation of a standard mesh may lead to degenerated hexahedral elements. Tetrahedral meshes can accurately represent complex geometries, but they are generally less optimal for finite-element/volume calculations (more elements, higher calculation times needed to achieve the same accuracy as with hexahedral meshes) [2] . In our experiments, we have chosen the number of hexahedral and tetrahedral elements such that as much as possible similar simulation accuracies were obtained.
Computer simulations
Flow simulations
Flow models based on the Navier-Stokes equations have been used for the flow simulations. A study has been performed into the benefit of using the patient-specific blood [17] . The outcome of the flow simulations was compared to the flow velocity profile measured with Qflow MRI at a number of locations around the middle of the AAA (the validation slices in Fig. 5 ). The results were also compared to those obtained when using the conventionally used plug-flow input profile. All flow simulations were performed with the CFD-ACE ? finite-volume simulation package from the ESI Group.
Wall stress simulations
The wall stress simulations were performed assuming a neo-Hookean model describing an isotropic linearly elastic medium with large deformations. Since no information about the wall thickness and wall material properties could be derived from the CTA or MR images, a homogeneous wall of constant thickness of 2 mm was assumed with a shear modulus of 1.0 MPa. All simulations were performed with the Sepran finite-element simulation package (Sepra, Delft, The Netherlands).
With existing imaging technology the in vivo measurement of the stress in a vessel wall is impossible. No ground truth was thus available to determine the accuracy of the wall stress simulations. The investigations have therefore focused on analyzing the sensitivity of the simulations to variations in the AAA geometry, on studying the potential influence of calcifications in the AAA wall and on properly handling the patient's blood pressure as boundary condition for the simulations. Three separate studies were performed, which will be described below. An evaluation into the clinical value of wall-stress (and flow) modeling is ongoing (see Sect. 5).
In wall-stress study I, the sensitivity of the wall-stress simulations with respect to geometrical variations was investigated, using MR and CTA images from four patients with AAA [30] . The geometry of the AAA outer wall was automatically segmented as well as twice manually delineated by three individual users. The influences of the volume mesh resolution, the automatic and manual contour segmentation variability, and the difference between CTA or MR images on the simulated wall stress were measured.
In study II the influence of the presence of calcifications in the AAA wall on the wall stress was investigated [31] . The material properties reported in literature for calcifications and the material properties actually used for simulations show great variation. Previous studies have focused on simplified modeling of the calcification shapes within a realistic aneurysm shape [20, 42] . In our study, an accurate representation of the calcification geometry and a simplified model for the AAA were used. The objective of this approach was to investigate to what extent the calculated wall stress depends on the calcification geometry, the material properties and the modeling approach. For four realistic calcification shapes segmented from clinical CTA AAA images, simulations were performed with three distinct modeling approaches, at five distinct elasticity settings. Figure 6 shows the four calcification geometries used in the study.
Finally, in study III an alternative was evaluated for the commonly used approach of applying the full systolic (highest) blood pressure directly on the aneurysm geometry as it appears in the medical images [32] . Since this approach does not account for the fact that the measured geometry is already experiencing a substantial load, it may lead to an incorrect systolic aneurysm shape and therefore to incorrect wall stress values. A method was developed to compute the wall stress at any given pressure above the diastolic (lowest) pressure, starting from the true diastolic geometry. The method has the advantage over earlier-proposed methods [19, 34] that it does not require any modification of the finiteelement solution methods. The effect of incorporating the initial diastolic stress into the AAA wall stress simulations was assessed for three patient-specific AAA geometries acquired with cardiac-triggered MRI.
Visualization
The flow and wall-stress simulations result in an enormous amount of data that must be intuitively and comprehensively presented to the clinical user. To achieve this we have built a dedicated flow-velocity (and derived parameters such as wall shear stress) and wall-stress visualization software package [16] on top of the publicly available Visualization Toolkit (VTK) software library [35] . With this dedicated package it is possible to visualize the relation between flow/stress and the vessel geometry, to show the relation between the segmented vessel and the surrounding anatomy and to show movies of the flow/stress variation over time.
Results
Flow modeling
We found that the AAA lumen can be clearly visualized with CTA as well as with MRI, especially with 2D SSFP MRI. For all patients that were studied so far, the lumen surface could be successfully semi-automatically segmented from the CTA data (including the bifurcation into the legs) [23] and from the MRI data (up to the bifurcation) [17] . The agreement between automatic and manual segmentations is comparable to values reported in the literature, whereas the required user interaction is minimal (mean segmentation error below 1.0 mm) [27] .
The blood velocity inflow profiles that were derived from Qflow MRI could be successfully registered to the correct locations in the CTA image data, although manual corrections were sometimes needed [17] . Tetrahedral and hexahedral volume meshes could be automatically generated based on the obtained lumen surface segmentations [29, 51] . Overall time needed for lumen segmentation, derivation of the Qflow profile, registration and meshing was less than 5 min per image data set on a Dell 650, Dual Processor, 3 GHz PC (including time needed for manual corrections).
In our flow simulations, a greater correlation between the measured and the simulated flow was found when using the patient-specific inflow profile than when using a plugflow shaped inflow profile, both with a patient-specific flux value (average correlation coefficient 0.75 for patientspecific inflow profile, 0.67 for plug-flow profile) [17] . Figure 7 shows an example of the measured and simulated flux for one of the AAA geometries.
Wall-stress modeling
Automatic segmentation of the outer wall from CTA data proved to be feasible, although manual corrections were regularly needed at locations where the difference in intensity of the AAA wall and surrounding tissue was relatively small. In an evaluation using 17 CTA data sets a mean segmentation error of 1.3 mm (SD 0.4 mm) was found [23] .
Automatic segmentation of the AAA outer wall on the basis of 2D/3D SSFP MRI data appeared to be feasible with an accuracy comparable to what has been reported in literature for CTA (four MR data sets, mean segmentation error below 1 mm) [23, 27, 28, 49] . The resolution of the MRI data was too low to allow segmentation of the outer wall below the bifurcation into the legs.
Neither CTA nor MRI could provide accurate information on the location of the AAA inner wall. Consequently, no information about the wall thickness could be derived. Furthermore, no information about the wall material properties could be obtained by imaging alone. An exception may be the presence of calcifications; in the CTA data these are clearly visible as bright spots near the AAA outer wall. The stiffness of the calcifications could however not be obtained via imaging. In our MRI data, calcifications were not clearly visible. As mentioned before, rigid registration of 3D CTA and 3D SSFP MRI data seems to be feasible. More locally optimized non-rigid registration may however be needed to accurately map calcifications detected in the CTA data to the outer wall segmentation derived from the MRI data.
So far, we only used volume meshing assuming a wall of constant thickness. High-quality meshes, suited for wall stress simulation could be automatically generated in all cases that we studied. Overall time needed for outer wall segmentation and meshing was less than 5 min per image data set on a Dell 650, Dual Processor, 3 GHz PC (including time needed for manual corrections).
Study I on the sensitivity of the wall-stress calculations for geometrical variation in the AAA outer wall segmentation showed that the peak wall stress is reproducible for most of the studied AAA geometries [30] . The 0.99 percentiles of the wall stress show excellent reproducibility for all studied AAAs (less than 6% variation when using repeated automatic segmentation with different manual initializations). The wall-stress variations induced by fully manual contour drawing are much larger than those caused by the automatic segmentation variability (repeated manual contours drawing resulted in 20% variation in the 0.99 percentile of the wall stress for CTA and 18% for MRI). The influence of the user variability appears to be similar for MR and CT. As an example, Fig. 8 shows the von Mises wall stress based on the manual MRI segmentations. The differences in the value and location of the maximum (of the von Mises) stress can be clearly observed.
Study II on the influence of calcifications has supplied insight into how sensitive the peak wall stress is to variation in the elasticity of the calcifications. For relatively elastic calcifications, the results from the various modeling approaches that were studied agree and the computed wall stress in the tissue surrounding the calcifications shows to be insensitive to the exact calcification geometry [31] . For stiffer calcifications, however, the different modeling approaches and the different geometries lead to significantly different results. A recent study confirmed that calcifications can significantly influence the local wall stress [43] . This indicates the importance of further study into methods for accurately determining and modeling the vessel wall material properties. Figure 9 illustrates the differences in the wall stress induced by elastic and stiff calcifications. It can clearly be seen that a stiff calcification induces much larger local stress values.
Study III into the effect of taking the initial blood pressure load at end diastole into account shows that this approach performs better than the conventionally used approach of applying the full systolic blood pressure to the end-diastolic AAA geometry [32] . We found that the conventional approach leads to an unrealistically smooth systolic geometry and therefore to an underestimation of the systolic peak wall stress of up to 28%. Our new ''initialload'' approach overcomes these issues and provides a more plausible estimate for the systolic aneurysm volume and a significantly different estimate for the peak wall stress. 
Discussion
To realize true patient-specific hemodynamic modeling, patient-specific information is required about the geometry of the various vessel components, about the material properties of each of these components and about the blood inflow velocity and the blood pressure at the in-and outflow boundaries. Furthermore, computational fluid and mechanical models are needed that realistically describe the behavior of the blood and the various tissue components.
In the research performed during the last few years, we have been able to reach a fairly high level of patient specificity. However, important information that is required for true patient-specific modeling is still missing. Table 2 briefly summarizes the required patient-specific information and the extent to which it could be obtained with the imaging protocols and approaches used in our study.
The lumen geometry and blood inflow profile were successfully used for blood flow simulations. A good agreement was found between the simulated and the measured blood flow velocities inside the AAA (Fig. 7) . So far, all materials not with the imaging protocols used so far, although 2D/3D SSFP MRI shows significant intensity detail in the thrombus however, only the velocity component perpendicular to the MR scan plane has been measured. Using the real 3D inflow velocity may increase the accuracy of the flow simulations. Furthermore, in our simulations the lumen geometry was assumed to be rigid, whereas in reality it varies with the pulsating blood pressure. Taking this variation into account may further increase the accuracy. We were able to segment the varying lumen geometry from the 3D SSFP image data [28] , but so far we have not used it in our flow simulations. Finally, the use of more realistic constitutive models for blood may also increase the accuracy of the simulations. We have successfully used the patient-specific AAA outer wall geometry that was automatically derived from CTA and MRI data as input for our wall-stress simulations. Furthermore, on the basis of the dynamic SSFP MRI data, we have been able to derive realistic pressure boundary conditions for our wall stress simulations (taking into account the initial-load at end diastole). However, information about the patient-specific wall thickness and wall material properties are still lacking, since CTA or MRI can presently not obtain these. Therefore, a wall of constant thickness with material properties as reported in literature was used. This will of course significantly limit the patient specificity of our simulations. In [44] , for example, it was shown that a wall thickness increase from 1.31 to 1.58 mm results in an increase in stress of up to 21%.
In our wall-stress simulations we have neglected the presence of thrombus. Intraluminal thrombus has been incorporated in the finite-element models in several other studies [9, 21, 48] . In [48] and [9] a significant influence was reported of thrombus on the outcome of the stress calculations. However, very recently [7] and [3] reported extensive studies on the material properties of thrombus. The mean thrombus shear modulus that they found (1.7 ± 1.3 kPa) is much lower than the values assumed in [9, 48] , the role of thrombus in wall-stress analysis may therefore be overestimated. The elasticity of thrombus is several orders higher than that of the vessel wall [6] , which may mean that thrombus could be neglected during the wall-stress simulations. This corresponds to what has been reported earlier in [36] .
Our preliminary experiments into the influence of calcifications in the AAA wall have shown that very stiff calcifications may significantly increase the wall stress. In [31] it is argued that the incorporation of calcifications into the wall stress modeling may be possible simply by locally translating the CTA image intensity to elasticity values used during the simulations (the higher the intensity, the lower the elasticity). A more thorough study is however needed to confirm these first findings.
Although we did measure the patient-specific systolic and diastolic blood pressure during imaging using an external pressure cuff, the peak pressure at the aneurismal site may significantly differ from the peak brachial pressure. It is known however that the human blood pressure varies significantly throughout the day, as a result of varying conditions (stress, anxiety, coffee, sleep, etc.). It is therefore probably more useful to know the patient's blood pressure range than to know the exact pressure during imaging. Both average and worst-case scenarios can then be used during simulation.
In our wall-stress studies, no fluid effects were included in the calculation of the AAA wall stress. To include fluid forces, fluid structure interaction (FSI) models are used in a number of studies [18, 24, 39, 40] . In [18] it was concluded that fully coupled FSI simulation, which requires considerable computational power to run, adds little to rupturerisk prediction. Other studies [24, 40] , however, showed influences of up to 25%.
In conclusion, to realize true patient-specific wall-stress modeling, future research should primarily focus on finding methods and models to derive and describe the patientspecific wall thickness and blood, wall-and thrombus material properties.
Future work
Whether or not the calculated flow and wall-stress values can indeed better predict aneurysm rupture than the currently used aneurysm diameter can only be verified by a clinical evaluation including a sufficiently large number of patients. A preliminary evaluation is currently ongoing in cooperation with the Catharina Hospital Eindhoven and the Academic Hospital Maastricht, The Netherlands. Each hospital will study at least 20 patients with an AAA diameter of more than 4.5 cm and less than 5.5 cm. Each patient will be repeatedly CT and MR imaged at 4-month intervals. The estimated flow and wall-stress values will be correlated with clinically relevant events, such as aneurysm growth, pain symptoms and rupture. Wall models with increasing complexity will be applied (without/with calcifications, without/with initial pressure load, etc.). The study has been approved by the Medical Ethical Committees of the participating hospitals.
We have recently performed a preliminary study in which the simulated aortic wall motion at the location of the AAA was compared with the actual wall motion derived from dynamic MR images. First results show a good correlation, but a more elaborate evaluation is needed to confirm these findings.
Conclusions
We have reviewed our efforts to realize an accurate, efficient and robust hemodynamic modeling methodology for assessing the risk of abdominal aorta aneurysm. The approaches that we have developed have a high level of automation and have a fairly high level of patient specificity. More research is however needed to find methods for the assessment of the patient-specific vessel wall thickness and material properties. Furthermore, clinical evaluation of the developed methodologies is needed to determine their true clinical value.
